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1. Introduction  

Bone serves many essential functions in the body. It protects organs, provides structural 

support, provides a scaffold for muscle attachment, generates blood cells and helps maintain 

essential ion levels. Therefore, the pathology of bone can be very serious. As the average age of 

the population increases, the demand for artificial materials to assist or replace organ functions 

and improve quality of life is rapidly increasing. The National Center for Health Statistics 

(NCHS) reports that 152,000 total hip replacements, 299,000 knee replacements and 59,000 

revisions of hip and knee replacements were performed in 2000 alone.[1]  The American Dental 

Association estimates that the number of root-form dental implants is likely to grow 

approximately 4% per year to ~610,000 implants in 2003.[2] 

Synthetic materials currently used in the fabrication of orthopedic implants were 

originally developed for non-biological applications. They tend to consist of a single bioinert 

material, such as metals, ceramics or polymers, or of a relatively coarse combination of two or 

three components. Although these synthetic materials do provide an immediate solution for 

many patients, their long-term outcomes are not satisfactory.[3-5]  

There are three major limitations of existing implant materials. First, these materials 

exhibit serious mechanical property mismatches with their surrounding native tissues and thus 

lead to implant failure and/or cause tissue damage.[6] Osteoblasts, the bone-producing cells, 

respond to external stimulation such as mechanical stress by generating new bone.[7,8] Implants 

stiffer than natural bone (e.g. metallic implant) bear a major proportion of the mechanical load, 

shielding the surrounding skeleton from its normal stress level. As a result, osteoblasts are 

discouraged from making new bone at the implant-tissue interface, which eventually leads to 

slow resorption of surrounding bone tissue and loosening of the implant. On the other hand, 
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ceramics such as calcium phosphates provide favorable osteophilic environment for bone 

cells,[9,10] but are rather weak in terms of mechanical resistance. Their application tends to be 

limited to low-stress locations, such as broken jaws or fractured skulls.[11-14] 

 Second, these materials typically do not bear functionalities that encourage 

communication with their cellular environment, therefore limiting the potential for tissue 

attachment and ingrowth.[15] In natural bone, there are bone cells (osteoblasts and the bone-

resorbing osteoclasts) and a myriad of soluble factors and extracellular matrix components that 

are constantly involved with the bone formation and remodeling process.[16] Unlike natural 

bone, existing bone implants cannot self-repair or adapt to changing physiological 

conditions.[17]  

Third, in the case of composite implants, there is a lack of control of structural features 

(on both microscopic and nanoscopic levels) and adhesion strength (both between various 

components of the composite and at the implant-tissue interface). In contrast, nature combines  

organic matrices with inorganic components with highly controlled hierarchical microstructures 

in the design of skeletal tissues.[8,18-21] With the exception of enamel, all structural calcified 

tissues including bone and dentin are biological composites of collagen, a protein-based hydrogel 

template, and inorganic dahilite (carbonated apatite) crystals of similar composition, but varying 

microstructures. Collagen provides a structural framework for the integration with calcium 

apatites and the attachment of acidic matrix proteins that regulate the biomineralization and 

remodeling processes. In addition, collagen endows bone with the necessary toughness to 

complement the strong yet brittle mineral component.[8] The unusual architectural combination 

of a hard inorganic material and an underlying elastic hydrogel network gives native bone unique 

mechanical properties, such as low stiffness, resistance to tensile and compressive forces and 
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high fracture toughness.[8,22] For instance, the Young's modulus for collagen fibers that form 

the organic matrix of bone, is typically 0.1-2 GPa.[23]  The value for apatite, the inorganic 

component of bone, is around 110 GPa.[24] The Young’s Modulus of cortical bone is between 

10 and 20 GPa,[25] an intermediate value that reflects the unique integration of collagen and 

apatite. The interfacial adhesion of the organic and inorganic components also contributes to 

these properties. 

The development of bonelike composites with improved mechanical properties and 

enhanced biocompatibility over traditional implants calls for a biomimetic synthetic approach 

using natural bone as a guide. The very complex nature of bone’s structure and the poorly 

understood nature of bone biogenesis have hindered real biomimetic design of artificial bone. By 

using a bottom-up synthetic approach, however, one can start with simple model systems with 

well-defined chemical, physical and biological properties, and then gradually increase the 

complexity of the system to realize a higher order approximation of the natural bone. Indeed, 

impressive progress has been made in this direction, with some recent examples demonstrating 

that bone-like properties can be engendered in wholly synthetic systems.[26,27] Information 

gathered from the bottom-up synthetic approach should prove valuable for a better understanding 

of bone synthesis, including the process of template-driven biomineralization. The goal of this 

approach is to derive a set of rules to guide future rational design of functional composite 

materials with desired mechanical, chemical and biological properties. 

In this chapter, we focus on recent progress in using functional polymers, particularly 

functional hydrogels and self-assembling polymers as templates for biomimetic artificial bone-

like composites. Emphasis will be placed on the bottom-up design strategy, the introduction of 
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desired biological function and the control of organic-inorganic interfaces within the composite 

material.  

 

2. Functional synthetic hydrogel scaffolds for hard tissue engineering applications 

 Limitations associated with traditional orthopedic implants have driven the exploration of 

alternative materials as bone tissue engineering scaffolds. Naturally derived bone-tissue 

engineering scaffolds include cornstarch-based polymers,[28] chitosan,[29] collagen,[30] and 

marine coral.[31] Synthetic inorganic bone mimics are primarily calcium phosphates.[32-34] 

Synthetic organic scaffolds used in bone-tissue engineering include mainly poly(α-hydroxy 

acids),[3,35,36] poly(phosphazenes),[37] poly(caprolactones),[38] and poly(propylene 

fumarates).[39] Composites of organic and inorganic materials have also been used as bone 

grafting scaffolds.[40-42]  

Among all, marine coral exoskeletons that are capable of being hydrothermally converted 

to hydroxyapatite, and various biodegradable poly(α-hydroxy acids) including poly(glycolic 

acid) (PGA), poly(lactic acid) (PLA) and poly(lactic-co-glycolic acid) (PGLA), are the most 

widely used substrates, partly due to their FDA approved status for in vivo applications. 

However, intermediate acidic degradation products of these poly(α-hydroxy acids) can lead to 

undesired local pH change surrounding the implant and generate inflammatory responses.[43-46] 

In addition, the chemical degradation of the polymer scaffold could also lead to degradation of 

its mechanical properties ahead of the occurrence of desired tissue ingrowth. Last but not the 

least, poly(α-hydroxy acids) have limited functionalizability. It is particularly difficult to modify 

the polymers with multiple functional domains, which has increasingly been recognized as an 

essential element in the design of real biomimetic scaffolds. Therefore, there is a strong need for 
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alternative functional polymers that can overcome the limitations of poly(α-hydroxy acids), and 

allow for better approximation to the natural system. 

Hydrogels are water-swollen, cross-linked structures produced by a covalent 

polymerization of one or multiple types of monomers. Additionally, hydrogels can form from 

non-covalent association of building blocks via an extensive hydrogen bonding network or 

strong van der Waals interactions. Hydrogels have unique physical properties such as elasticity 

and water retention ability that resemble those of natural hydrogels, and chemical versatility. 

Thus, functionalized hydrogels, in either degradable or non-degradable forms, have long been 

appealing candidates for the design of soft tissue engineering scaffolds.[47-49] However, their 

potential for hard tissue engineering applications has only been explored relatively recently. 

Here, we review some recent examples with an emphasis on 1) the design of crosslinked 

networks with environmentally responsive linkers to allow the emulation of collagen as growth 

factor carriers;[27] 2) the introduction of multiple functional domains including mineral 

nucleating ligands to mimic the templating and regulatory role of non-collagenous extracellular 

matrix component (ECM);[26,50] and 3) the integration of hydrogel scaffolds and osteophilic 

biominerals with enhanced adhesion strength at the polymer-mineral interface.[51,52]  

2.1 Environmentally responsive functional hydrogels mimicking collagenous ECM 

as growth factor carriers 

The complexities of skeletal biology were recently reviewed in a series of articles in 

Nature.[53-56] Bone synthesis and remodeling is the interplay of mineral deposition and 

resorption by specialized bone cells, a process that is constantly occurring on a microscopic scale 

across our skeleton. During this process, a myriad of growth factors, distributed in either soluble 

or attached form throughout the cavities of bone, play critical roles.[16] For instance, bone 
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morphogenic protein-2 (BMP-2), a member of the transforming growth factor-β (TGF- β) 

superfamily that promotes ectopic bone formation, modulates the organization and expression of 

osteoblastic cell proteins. Specifically, it was shown that BMP treatment stimulated adhesion and 

proliferation of osteoblastic cells, and this adhesive advantage was reflected in enhanced long-

term matrix mineralization in the BMP-2 pretreated cultures.[57,58] Recently, BMP was 

delivered using a biodegradable PLA-poly(ethylene glycol) (PEG) copolymer scaffold to induce 

ectopic bone formation in vivo.[59] 

Collagenous ECM, in addition to providing structural and biochemical cues for cells in 

contact, is also susceptible to cell-triggered proteolysis,[60]  which enables cell invasion and 

subsequent remodeling of the matrix, leading to bone regeneration. In a sense, collagen functions 

as a growth factor carrier for bone regeneration. The most commonly used existing synthetic 

growth factor carriers, such as PGA, PLA or PGLA,[61,62] however,  were designed based on 

the passive mechanism of growth factor delivery, ignoring the complex interactions between 

cells and ECM in natural bone. Therefore, one necessary improvement in the design of 

biomimetic organic scaffolds for treating bone defects is to construct a 3-dimensional network 

where growth factors may be stored and bone cells may be allowed to invade in a controlled 

fashion. This requires the installation of a chemical trigger that responds to external stimuli. 

Some synthetic matrices used in cell culture and tissue engineering have been developed 

to be responsive to physical[63,64] and biochemical stimuli.[65] Recently, a phosphate-

containing crosslinked hydrogel composed of a linear poly/oligo(2-hydroxyethyl methacrylate) 

(HEMA) backbone, degradable ethyl phosphate linker groups and linear PEG macro-segments 

was prepared as a potential bone tissue engineering scaffold.[66] The degradation occurs at the 

site of the phosphate linker and results in the gel’s gradual collapse into linear poly/oligoHEMA, 
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linear PEG, phosphoric acid and ethanol. The release of phosphoric acid could impact bone 

formation, although the concept has yet to be proved experimentally.  

Synthetic scaffolds responsive to cellular stimuli, however, have not yet received the 

attention that they deserve. The most elegant example so far was recently reported by Hubbell 

and coworkers.[27] The team engineered synthetic PEG-based hydrogels containing pendant 

peptide ligands for cell adhesion and peptide-PEG linkers that are susceptible to degradation by 

matrix metalloproteases (MMPs). A schematic illustration of the assembling of the gel is shown 

in Figure 1. After incubating the gel with recombinant human bone morphogenic protein-2 

(rhBMP-2), an osteoinductive growth factor, the composite was implanted to a site of defect in 

the rat crania. A month later, the implant was found to be invaded by host cells and remodeled 

into bony tissue.[27] The authors contribute the localized bone regeneration to the susceptibility 

of the gel to cell invasion and the entrapment of osteoinductive growth factors such as BMPs. 

This work elegantly illustrates that biological recognition principles adopted by natural ECM 

components may be engendered in a synthetic hydrogel scaffold via careful rational design. 

2.2 Functional hydrogels mimicking mineral-binding anionic noncollagenous ECM 

proteins  

Another fundamental challenge in mimicking the function of natural bone with synthetic 

scaffolds is to emulate nature’s strategy for template-driven biomineralization. In natural bone 

synthesis, it has been suggested that the biomineralization process starts with the formation of 

transient amorphous calcium phosphates (although the direct detection of these transient 

precursors is difficult[67,68]) and poorly crystalline apatites.[68,69] These precursors then 

undergo several crystalline phase transitions, such as brushite, octacalcium phosphate and 

tricalcium phosphate, before the more stable crystalline HA finally forms.[19] Organic matrices 
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are postulated to be involved in both supramolecular pre-organization and interfacial molecular 

recognition, critically influencing the heterogeneous nucleation rate and the orientation of crystal 

growth. The process begins with the nucleation and formation of nanometer-sized particles, both 

of which are promoted by anionic protein ligands that are rich in aspartate, or glutamate and/or 

phosphoserine residues.[70,71] The epitaxial relationship between the crystal lattice spacing and 

the binding sites on the organic matrices can control the assembly of calcium phosphate 

nuclei.[72]  

The exact role of individual acidic matrix proteins in mineralization is still far from 

understood. The nucleation activity of bone sialoprotein (BSP), a sialylated and phosphorylated 

protein expressed only in mineralized tissues and a potent nucleator of HA, appears to be linked 

to its glutamic acid rich sequences, which gives rise to a secondary structure of left-handed 

helix.[73] Its HA nucleating activity is not affected by dephosphorylation of the protein.[70] 

More recently, site-directed mutagenesis of the poly[E] regions in full-length rat BSP showed 

that replacing two domains of poly[E] with poly[D] does not alter the nucleating activity of the 

protein, suggesting the flexible nature of BSP may be advantageous to its function. However, the 

replacement of both poly[E] domains with poly[A] significantly decreased its HA nucleating 

activity, confirming the essential role of anionic residues.[74]  The authors further demonstrated 

that a sequence of at least eight contiguous glutamic acid residues is required for the nucleation 

of HA by BSP and this minimal nucleating sequence does not constitute an α-helical 

conformation that was previously speculated as essential for HA binding.[74] The phosphoserine 

and aspartate-rich sequence in phosphophoryn, the main non-collagenous protein in dentin, on 

the other hand, has long been considered as essential in the mineralization of dentin.[71,75]  
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Because of the lack of a common understanding of how different anionic amino acid 

repeats contribute to the nucleation and crystal growth, a bottom-up approach that allows 

systematic introduction of different anionic ligands with increasing modular information and 

controlled spatial arrangements into a synthetic scaffold provides a valuable alternative to 

investigate the molecular details of template-driven biomineralization. The concept of 

recapitulating natural bone synthesis by using synthetic polymers functionalized to mimic the 

mineral nucleating acidic non-collagenous proteins is illustrated in Figure 2.  

Our group has been particularly interested in applying functional hydrogels toward this 

end based on several attractive features of hydrogels. The intrinsic elasticity and water retention 

ability of synthetic hydrogels resemble those of natural hydrogels, such as collagen matrices that 

are prevalent as structural scaffolds in various connective tissues including bone.[47] The 

porosity of synthetic hydrogels may be controlled by various techniques including solvent 

casting / particulate leaching,[76,77] phase separation,[78] gas foaming,[79] solvent 

evaporation,[80] freeze drying,[81] blending with non-crosslinkable linear polymers,[82] and 

rapid prototyping[83,84] to afford a range of pore sizes to allow for pre-implantation cell seeding 

or post-implantation tissue ingrowth. More importantly, 3-dimensional hydrogel networks 

displaying multiple functional domains can be realized through copolymerization of several 

types of functional monomers (Fig. 3). The polymerization chemistry is water compatible, 

allowing incorporation of polar ligands such as anionic peptides that mimic the acidic matrix 

proteins regulating mineral growth, and biological epitopes such as the tripeptide RGD[85-89] 

that promote integrin-mediated cellular adhesion.  

Specifically, we designed and synthesized a library of anionic methacrylamides to 

copolymerize with (2-hydroxyethyl methacrylate), or HEMA, to form 3-dimensional hydrogel 
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copolymers. As shown in Figure 3, these monomers vary in both the type (carboxylate or 

phosphate) and the number of ionic sites they carry. The phosphorylated tetrapeptide GDS*S* 

(where S* stands for phosphoserine) is derived from the known DS*S* repeat of bone 

phosphoproteins.[71,90,91]  Tetrapeptide GDSS was designed as a non-phosphorylated control 

to probe the role of phosphorylation in template-driven mineralization in a synthetic model 

system. By varying the percentage of the anionic monomers incorporated, the average distance 

between potential nucleation sites can be controlled. Finally, GRGD, a tetrapeptide carrying the 

RGD motif that is known to contribute to the physical properties of bone extracellular 

matrix,[90] and critical for inducing cell adhesion and initiating the healing 

process,[86,87,89,92,93] was introduced to the hydrogel copolymer. All these monomers were 

synthesized via the direct coupling of the corresponding amino acids or oligopeptides with 

methacryloyl chloride in a buffered aqueous solution, in satisfactory to excellent yields.  

The formation of hydrogel copolymers was realized using a standard radical 

polymerization protocol[48] with 2-10% of crosslinkers of various lengths. The freshly prepared 

gels were extensively washed in water before they were subject to mineralization or used for in 

vitro cell culture. We have shown that by varying the percentage of anionic monomers included, 

the porosity of the hydrogel copolymers can be tuned, with an average pore size up to hundreds 

of microns.  

Cytotoxicity evaluation using the osteosarcoma cell line TE85 showed that these bone 

cells were able to adhere and proliferate on hydrogels containing up to 10% of anionic residues. 

When the adhesive motif GRGD was incorporated, cells were able to spread over the gels with 

morphologies very close to those attached to tissue culture polystyrene (TCPS) control.  
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We are now using microarray analysis to probe how attachment to these synthetic 

scaffolds affects the globe gene expression profile of osteoblasts. One would like to ensure that 

cells are not activating an apoptotic (programmed cell death) pathway when they are exposed to 

the non-native bone substitute, and genes encoding important osteogenic proteins are regulated 

in a way that benefits the synthesis and secretion of ECM proteins and biominerals. One 

difficulty associated with interpreting the interactions of cells with 3-dimensional materials, 

however, is that it is hard to separate out the influence of surface chemistry from various other 

physical factors of the 3-D scaffold such as surface roughness, porosity and pore size of the gel. 

Therefore, we developed 2-dimensional model surfaces functionalized with the same library of 

anionic ligands and subjected them to in vitro cell culture. Our preliminary results show that 

bone cells grow and proliferate very well on these anionic surfaces, in many cases better than on 

TCPS. This suggests a favorable interaction between osteoblasts and mineral binding anionic 

motifs. A complete gene expression profile readout, when available, can guide us to intelligently 

modify the surface chemistry in the iterative design of next-generation of artificial bone-like 

materials. 

Finally, it is worth noting that the incorporation of an appropriate percentage of anionic 

sites in the 3-dimensional hydrogel network may also contribute to the toughening of hydrogel-

mineral composites. In addition to the mineral nucleating function, the anionic sites attached to 

the collagen matrix in natural bone have been suggested to be part of the energy-dissipating 

mechanism for bone. Recent AFM pulling and indentation studies of collagens and bone provide 

experimental evidence for the role of polymers as bridges between inorganic 

crystallites.[94]Unlike the apatite crystals that cannot dissipate much energy, “sacrificial” bonds, 

such as divalent cation-based ionic bridges between two anionic sites on the collagen scaffold, 
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have been suggested to deter crack propagation, and therefore improve the toughness of bone. 

This energy-absorbing toughening mechanism could be interesting to emulate in the rational 

design of new hydrogel-mineral composite materials.   

 2.3 High-affinity integration of functional hydrogels with biominerals 

Without integration with biominerals such as calcium phosphates, synthetic polymer 

scaffolds alone do not provide the desired osteophilic environment and mechanical strength for 

load-bearing applications. There has been considerable effort to mimic bone by the 

mineralization of polymer substrates with hydroxyapatite (HA), the major inorganic component 

of natural bone. This is usually attempted through the time-consuming incubation of substrates 

with acellular simulated body fluid (SBF) with ion concentrations similar to those of human 

blood plasma.[95-98] Unfortunately, the process leads to slow growth of crystalline or 

amorphous biominerals that exhibit poor adhesion and lack a structural relationship with the 

substrate. Alternatively, composites could be formed by mixing HA powder with corresponding 

polymer solution (e.g. PGLA), followed by a thermally induced phase separation procedure.[99] 

The composite foams show improved mechanical properties over pure polymer foams. However, 

such simple mixing procedures typically do not confer the critical interfacial strength between 

the polymer phase and the mineral phase.  

Efforts aimed at improving the interfacial adhesion strength between HA and polymers 

include the use of silane coupling agents,[100,101] zirconyl salts,[102] polyacids[103,104] and 

isocyanates.[105,106] Recently, chemical treatment of biodegradable PGLA films with aqueous 

base has been shown to facilitate the growth of crystalline carbonate apatite on the surface.[107] 

Both the morphology and thickness of the resulting crystalline apatite layer, however, suggest 

that it will suffer from inadequate interfacial adhesion (between the mineral and the polymer 
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substrate) and poor mechanical properties. Overall, composite materials that integrate organic 

scaffolds and HA, and demonstrate the level of integration of natural bone, have not yet been 

achieved. 

pHEMA is one of the most widely used synthetic hydrogels in tissue engineering. 

Because of its high biocompatibility, pHEMA and its functionalized derivatives have been used 

as ophthalmic devices (e.g. contact lens),[108,109] cartilage replacements,[110] neural tissue 

engineering scaffold,[111] bonding agents in dental resins and bone cements,[112-114] and 

various drug delivery vehicles.[115,116] However, its application as a 3-dimensional scaffold of 

artificial bonelike materials, has not been realized due to the lack of an effective approach to 

integrate it with inorganic minerals.   

 Therefore, we became interested in developing methods for the high affinity integration 

of pHEMA-based hydrogel scaffold and calcium apatites, specifically HA, a critical step towards 

the design and fabrication of pHEMA-based biomimetic bonelike composite materials. HA has 

limited solubility in water at neutral and basic pH.[117] Based on this property, we designed a 

urea-mediated solution precipitation process where a segment of pHEMA hydrogel was 

thermally treated in an acidic solution (pH 2.5-3) of HA containing 2M urea.[51]  Upon gradual 

heating from room temperature to 95 ºC, urea started to decompose and the pH slowly increased, 

promoting the hydrolysis of 2-hydroxyethyl side chains of pHEMA and allowing heterogeneous 

nucleation of calcium phosphate from sites of exposed carboxylates. A robust calcium phosphate 

layer up to several microns thick was obtained on the surface of the hydrogel, along with a high 

degree of calcification inside the hydrogel. The high affinity between the calcium ions and the in 

situ generated carboxylates translates into a low interfacial energy between the hydrogel and the 
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calcium phosphate, and consequently a low energy barrier for the heterogeneous nucleation of 

mineral onto the hydrogel scaffold. This sequence of events is depicted in Scheme 1. 

 Scanning electron microscopy (SEM) analysis revealed that the strong affinity between 

calcium ion and the surface carboxylates led to the 2-dimensional outward growth of calcium 

phosphate from individual nucleation sites (Fig. 4A) until the circular mineral layers merged and 

covered the entire surface (Fig. 4B). The strong adhesion between the apatite layer and the gel 

surface was evidenced by microindentation analysis performed on the surface of the composite 

(Fig. 4C). No delamination of the mineral layer was observed by SEM after Vickers indentations 

with loads up to 15N. To the best of our knowledge, such a level of adhesion at the mineral-

substrate interface has never been observed before with minerals formed on polymer scaffolds or 

collagen films using the traditional SBF mineralization approach.[95-98] It is the direct and 

extensive mineral-hydrogel contact established during this process that led to the 2-dimensional 

outward growth of robust mineral layers, contrasting the SBF-induced 3-dimensional growth of 

crystalline apatites that are loosely bound to the polymer substrates. In the latter case, mineral 

nucleation and growth are largely controlled by substrate-induced subtle local pH changes and 

/or local ion saturation instead of strong interactions between the two phases. The calibrated 

energy dispersion X-ray spectroscopy (EDS) area analysis (Fig. 4D) revealed a Ca/P ratio similar 

to that of synthetic HA. X-ray diffraction (XRD) analysis (Fig. 4E), however, indicated that the 

mineral layer grown here was either amorphous or nanocrystalline in nature. The order and 

alignment of the in situ generated surface carboxylates may be limited, and may not match with 

the crystal lattice of HA to allow epitaxial growth of large crystallites detectable by XRD.  

The role of amorphous calcium phosphate in natural bone has not been as extensively 

studied as that of amorphous calcium carbonate (ACC) in other calcified organisms. In Ascidian 
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P. pachydermatina, stabilized ACC was suggested to not only serve as a temporary storage site 

for calcium and carbonate,[118-120] but also play a structural role. The combination of isotropic 

and generally less brittle amorphous components (ACC) with their harder and less soluble 

crystalline counterparts (calcite) is thought to be nature’s strategy to modulate mechanical 

properties of such composites.[121] The generation of a robust nanocrystalline or amorphous 

calcium phosphate layer that strongly adheres to the hydrogel scaffold presents an additional 

handle for controlling the mechanical property of bone-like composite materials. Ultimately, it is 

the combination of all subcomponents, the organic matrix, and the amorphous and crystalline 

mineral phases that renders the observed mechanical properties in natural hard composite tissues. 

We also investigated the influence of external factors such as stirring, heating rate and 

duration of mineralization on the pattern of mineral nucleation and growth.[52] Constant stirring, 

which promotes homogeneous precipitation of HA and inhibits the desired heterogeneous 

nucleation and growth of HA onto the hydrogel scaffold, had to be avoided. Furthermore, 

heating rate was found to influence both the number of initial nucleation sites generated and the 

extent of final mineral coverage at the hydrogel surface. Finally, by extending the mineralization 

process, mineral coatings with thickness up to several microns can be obtained.[52]  

This urea-mediated mineralization strategy can be extended to other calcium phosphates 

and pHEMA based functional hydrogel copolymers. The in vivo resorption rates of calcium 

phosphates vary greatly. For instance, crystalline hydroxyapatite (HA) is hardly soluble and its 

resorption could take years while tricalcium phosphate is more soluble and its resorption 

typically occurs in months.[14] The mineralization method we developed can be applied to a 

range of calcium phosphates (CPs) to produce hydrogel-CP composites with tunable in vivo bio-

resorbability. Further, as shown in Figure 5, when the method was applied to pHEMA-based 
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copolymers containing various mineral-binding anionic residues described in section 2.2, similar 

mineral growth patterns were observed, again with strong gel-mineral interfacial adhesion.[50] 

The resulting composites will be subjected to more extensive in vitro and in vivo evaluations. 

We are interested to learn how the underlying anionic mineral binding motifs direct the new 

mineral deposition by osteoblasts once the amorphous or nanocrystalline calcium phosphate 

layer of the composites is resorbed by osteoclasts. 

Finally, as discussed in the previous section, we have shown that pHEMA based 

functional hydrogel scaffolds with average pore sizes up to hundreds of microns can be obtained 

simply by adjusting the percentage of anionic residues incorporated. Such porosity would be 

important for nutrient diffusion, cell penetration, tissue ingrowth and potential vascularization of 

the scaffold.[122] However, composite materials based on porous scaffolds tend to be 

mechanically weak. It still remains to be seen whether this newly developed mineralization 

method can improve mineral integration with porous hydrogel scaffolds, a challenging problem 

we and many others strive to solve. 

 

3. Functional self-assembling polymer scaffolds for template-driven biomineralization  

Many essential biological activities of bone, including metabolism, regeneration and 

resorption, are influenced by changes of bone structure on the nanoscopic level.  For instance, 

matrix-mediated nucleation is believed to occur by an epitaxial mechanism, in which a lattice 

match between the acidic organic ECM and the nascent crystal lowers the interfacial free-energy 

barrier to critical nucleus formation.[123,124] It has been speculated that the regularly spaced 

acidic groups serve as binding sites for calcium ions and align them in an orientation that 

matches the apatite crystal lattice.[125] The recapitulation of this template-driven 
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biomineralization paradigm in a synthetic environment with structural control on a nanoscopic 

level requires the use of highly ordered molecular templates. Self-assembling polymers are 

attractive candidates for this application.  

Self-assembling amphiphiles and bolaamphiphiles typically contain a hydrophobic lipid 

core and hydrophilic headgroup on either one end (amphiphile) or both ends (bolaamphiphile) of 

the molecule. At air-water interfaces or in aqueous solution, these molecules spontaneously form 

ordered aggregates such as thin films,[126-128] vesicles,[129] nanofibers[26] and 

nanoribbons,[130] driven by van der Waals interactions at the core and an extensive hydrogen 

bonding network at the polar ends.  If polymerization sites of associating molecules are properly 

aligned, they can be polymerized into robust polymeric templates with a highly ordered display 

of surface functional groups, such as mineral binding motifs. These ordered binding motifs could 

potentially serve as templates for bone-like nanocomposites.[26,126] 

3.1 Amphiphilic self-assembling thin films  

Self-assembled monolayers (SAMs) serve as powerful model systems to study the 

epitaxial growth of organic and inorganic particles at an organic-inorganic interface.[131-133] 

Several elegant examples illustrating the control of calcite crystal nucleation by polymeric or 

unpolymerized SAMs on various solid supports have been reported.[126,134-136]  

Charych and coworkers demonstrated that cooperative interactions that are commonly 

observed at the organic-inorganic interface in biological calcified tissues can also drive the co-

alignment of calcite at the surface of Langmuir-Schaefer films of poly(10,12-pentacosadiynoic 

acid) (Fig. 6).[126] The self-assembling polydiacetylene film was shown to nucleate calcite at 

the (012) face, a plane parallel to the polymer membrane plane. The crystals were co-aligned 

with respect to the polymer’s ene-yne conjugated backbone. The authors attribute the co-
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alignment of the crystals and the specific nucleation face type to symmetry reduction in the 

polymer template, in addition to proper stereochemical match at the organic-inorganic interface. 

Structural re-orientation of the polymer matrix upon calcite mineralization was also observed via 

a chromatic transition in the polydiacetylene film, presumably as a consequence of the 

stereochemical fit optimization. 

Aizenberg et al. reported oriented nucleation of calcite controlled by SAMs of 

alkanethiols terminated with various surface residues supported on Au and Ag films.[135,136] It 

was shown that anionic surfaces are generally more active in inducing nucleation of calcite, 

whereas SAMs terminated with cationic residues or aliphatic tails inhibit nucleation. Moreover, 

the authors demonstrated that different surface modifications led to the nucleation of calcite from 

different crystallographic planes, suggesting that the orientation of crystal growth may be fine-

tuned by varying the surface chemistry of the underlying SAMs. 

More recently, amphiphilic self-assembling thin films were also used to template the 

synthesis of carbonated apatites.[128] Groves and coworkers utilized a stearic acid monolayer at 

an air-water interface as template to synthesize a free-standing continuous amorphous precursor 

film of carbonated calcium phosphate, which was then sintered into a dense crystalline film.  

These elegant experiments provide valuable insights into the factors that dictate template-

driven biomineralization in simplified model systems. Conclusions drawn from these studies 

provide useful guidelines for the design of artificial bone-like composites. However, direct 

applications of these amphiphilic self-assembling thin-films in bone tissue engineering are 

restricted to the fabrication of thin inorganic crystalline films or surface modification of metal or 

alloy implants. In addition, most work chose to illustrate the principle of template-driven 

mineralization via the relatively well defined calcite model system. Overall, alternative self-
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assembling polymer scaffolds that can be biomimetically integrated with calcium apatites, the 

more relevant mineral compositions of bone, and are scalable to bulk composites, are still highly 

desired. 

3.2 Polymerizable self-assembling peptide-amphiphile nanofibers  

The design and fabrication of a scalable bone-like synthetic matrix based on the principle 

of self-assembly and biomimicry is an ambitious undertaking. Stupp and coworkers recently met 

the challenge by a clever design of sophisticated supramolecular aggregates of peptide-

amphiphiles (PAs) bearing multiple functional domains to realize template-driven nucleation and 

growth of crystalline hydroxyapatite.[26]   This work sets an optimistic precedent for the bottom-

up rational design strategy. Key structural features of the self-assembling PA, as illustrated in 

Figure 7, include 1) a long aliphatic (C16) lipid tail that is responsible for the self-assembly of 

the amphiphiles;[137] 2) four consecutive cysteine residues that function as potential 

crosslinkers of the self-assembly; 3) a phosphoserine residue as potential binding site for calcium 

ions and mediator of the mineralization of HA;[71] 4) an RGD motif exposed at the polar end of 

the molecule that promotes integrin-mediated cell adhesion,[85,89] and 5) a flexible linker 

between the self-assembling/polymerization domain (lipid anchor and cysteine repeats) and the 

mineralization/cell adhesion domain.   

When this highly engineered peptide-amphiphile was assembled in water above a critical 

concentration, formation of a gel composed of nanofibers with uniform dimensions was 

observed. The concentration-dependent gelation property allowed for direct injection of the 

material into a site of bone defect to promote synthetic matrix-assisted bone tissue repair. It also 

opened the possibility of controlling the macroscopic shape and size of the synthetic scaffold by 

simply carrying out the gelation in a cast of desired 3-dimensional geometry. In addition, the 
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formation of a gel composed of well dispersed functional nanofibers exposed biomimetic 

functional domains throughout the 3-dimensional scaffold, allowing potential nucleation and 

growth of biominerals and cell-material interactions to occur across the entire synthetic matrix. 

These are all desirable features in the design of scalable bulk bone-like materials. 

Once self-assembled, the PAs were crosslinked via the formation of disulfide bonds at the 

hydrophobic-hydrophilic interface of the amphiphilic nanofiber to enhance its structural 

integrity. More importantly, the Northwestern team demonstrated that after crosslinking, the 

fibers were indeed able to carry out their primary intended function, which is templating the 

mineralization of HA. Within 10 min of exposure to a mineralization solution composed of 

CaCl2 and Na2HPO4, the nucleation of minerals on the surface of nanofibers was visualized by 

transmission electron microscopy (TEM). By 30 min, the formation of mature plate-shaped 

polycrystalline HA throughout the surface of nanofibers was observed by TEM and confirmed 

by energy dispersion X-ray spectroscopy (EDS) and electron diffraction analyses. Importantly, 

the presence and orientation of the diffraction arcs corresponding to the 002 and 004 planes (with 

enhanced intensity with respect to the 211 plane) suggested preferential alignment of the crystals 

with their c axes along the long axis of the nanofiber, reminiscent of the alignment of collagen 

fibrils and HA crystals in natural bone.  

The fast nucleation and growth of well-aligned nanocrystalline HA was attributed to the 

phosphorylated serine residue designed into the scaffold. In a control experiment, the 

replacement of phosphoserine with a serine residue abolished the ability of the fiber to template 

the growth of crystalline HA within the same mineralization time frame. The result underscores 

the importance of phosphorylation in inducing crystalline mineral growth, echoing suggestions 

based on the sequence analysis and conformational modeling of some non-collagenous ECM 
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proteins in calcified tissue.[71] However, it is important to note that no systematic investigation 

of the role of phosphorylation in template-driven mineralization has been conducted in a 

synthetic model. With some literature showing that HA nucleating activity is unaffected by 

dephosphorylation of bone sialoprotein,[70] it is important not to generalize the result shown 

here. Overall, this work showcases that it is possible to rationally design a self-assembling 

polymeric system with biomimetic functionality relevant to bone biogenesis. 

3.3 Bolaamphiphilic self-assembling polymer ribbons  

We are interested in designing functional self-assembling polymers that adopt defined 

microstructures in solution in order to systematically probe how sequence, structure and packing 

arrangement of anionic mineral binding residues influence nucleation and alignment during 

templated crystal growth. In addition, we are pursuing methods for incorporating these synthetic 

mineralization domains into a 3-dimensional environment, mimicking the dispersion of acidic 

non-collagenous ECM proteins throughout the collagen matrix in bone. 

Our work on the mineralization of functional hydrogel scaffolds suggests that the 

spacing, order and alignment of the mineral nucleating domains displayed on the hydrogel 

scaffold are limited. They do not match with the crystal lattice of HA to allow epitaxial growth 

of large crystallites detectable by XRD.[51] In fact, technically it is difficult to distinguish 

whether the robust mineral layer adhered to the anionic surface residues via the urea-mediated 

mineralization[52] is amorphous or nanocrystalline in nature. Therefore, to achieve better 

structural control of the biomineralization template, especially on a sub-nanoscopic level, we are 

interested in self-assembling polymers, specifically bolaamphiphilic polydiacetylenes (BPDAs), 

as templates with ordered surface display of various mineral nucleating groups.   
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When properly designed, bolaamphiphilic diacetylene lipids can self-assemble into 

various supramolecular structures such as nanoribbons in aqueous media, and be polymerized 

into robust BPDAs under UV irradiation.[130] It is known that the specific arrangement of 

amphiphilic molecules in aqueous solutions depends on a variety of competing interactions, such 

as van der Waals force (mainly among hydrocarbon tails), ionic and dipolar interactions, 

hydrogen bonding (headgroup region), and interactions with water molecules. Here, the design 

of bolaamphiphiles instead of amphiphiles was intended for enhancing the order of lipid packing 

arrangement via the strengthening of H-bonding interactions on both sides of the polar surfaces 

of the lipid aggregates. In nature, membrane-spanning bolaamphiphilic lipids provide 

extraordinary stability to archaebacteria, a class of microorganisms that can resist extreme 

environmental conditions such as low pH, high temperature, and high salt.[138] 

A library of bolaamphiphilic diacetylene lipids has been designed and synthesized (Fig. 

8). The diacetylene unit is placed at the center of the hydrophobic core to maximize alignment of 

neighboring diacetylene units in different packing arrangements. As shown in Figure 8, 

bolaamphiphilic lipids 1-9 carry various polar groups (either neutral, anionic or zwitterionic) on 

one end of the molecule. The design is intended to probe how different polar residues can 

template the nucleation and growth of biominerals such as HA, when arranged in a well-defined 

3-dimensional fashion. As discussed at length in section 2.2, the tetrapeptide GDS*S* (S* = 

phosphoserine) in lipid 8 was derived from a typical DS*S* repeat of bone 

phosphoproteins.71,90,91 By varying the percentage composition of 8 in a polydiacetylene 

assembly, the average spatial distance between the anionic peptide repeats can be controlled to 

approximate the natural system. The unphosphorylated version (lipid 7) was designed to examine 

the role of phosphorylation in template-driven biomineralization. Lipids 3 and 4 were designed 
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for the same purpose. Because of the intriguing in vivo roles of glutamic acid, hydroxyamino 

acid (such as serine) and aspartic acid residues in stabilizing amorphous mineral precursors and 

templating crystalline mineral growth, respectively,[121] we also designed lipid 5, 6 and 3 to 

directly address this issue in a synthetic setting. Bolaamphiphile 1 carries a neutral amino 

ethylene glycol end group and is designed to dope the highly charged assembly to alleviate 

possible unfavorable electrostatic interaction at the assembly surface.  Doping anionic PDA 

assemblies with less sterically hindered and less electron-rich lipids was useful for fine-tuning 

the assembly’s polymerization behavior as well as the morphology of the aggregates.[139] 

All lipids shown in Figure 8 were synthesized by coupling the N-terminus of 

corresponding free or protected amino acid or peptide to a common precursor, the N-

hydroxysuccinimide (NHS) activated lipid 10.[130,140] Self-assembly of most bolaamphiphilic 

lipids occurred rapidly upon probe sonication and low temperature incubation.[130] UV-

irradiation in most cases instantaneously led to photopolymerization of the well-aligned 

diacetylene groups to form extended ene-yne conjugation backbone, resulting in formation of 

colored polymers.[140]   

      Extensive structural characterization was performed on selected bolaamphiphilic 

polydiacetylenes. As shown in Figure 9, TEM analysis and contact mode atomic force 

microscopy (AFM) analysis of BPDA formed by bolaamphiphile 5 showed that the polymer 

adopts either flat sheet (Fig. 9, panel A) or twisted ribbon (Fig. 9, panel B) morphologies, with 

highly ordered hexagonal and pseudo-rectangular surface packing arrangements, respectively. 

These ribbons are typically micron scale in length and nanometer scale in width and thickness. 

The ordered matrix of surface anionic residues generated here provides an excellent template for 
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probing which specific surface residues or sequences affect epitaxial nucleation and growth of 

crystalline HA or the stabilization of amorphous calcium phosphates. 

 We have shown that a number of anionic BPDAs template the growth of crystalline 

calcium apatites in less than 30 min upon the exposure to mineralization solution composed of 

CaCl2 and Na2HPO4. By contrast, BPDA terminated with neutral surface residues does not. 

Correlations between packing arrangement of underlying BPDA templates, conformations of 

surface residues and the observed oriented crystal growth, however, are yet to be established, but 

are a subject of future interest.  

3.4 Extension of 2-D bolaamphiphilic self-assembling polymer templates to 3-D composites 

When ordered BPDA mineral-binding domains are combined with porous, elastic, and 

highly functionalizable 3-D hydrogels, synthetic scaffolds with richer modular information may 

be derived. These scaffolds would better resemble the chemical and structural environment, 

physical properties, as well as biological functions of the highly integrated ECM of natural bone. 

To realize this potential, we designed a diacetylene bolaamphiphile with terminal 

methacrylamide functionality for covalently attaching BPDA templates to methacrylamide-based 

hydrogels. By varying the percentage of this linker molecule dispersed with other 

bolaamphiphiles, the distribution density of the mineralization domains within the hydrogel 

network can be modulated.   

We are also pursuing an alternative polyelectrolyte strategy for stacking ordered BPDA 

mineralization templates into a 3-D composite with improved mechanical properties. In the early 

1990s, Stupp and coworkers prepared a number of organoapatites via the co-precipitation of 

biominerals and polyelectrolytes (e.g. poly-L-lysine, poly-L-glutamic acid, poly-sodium 

acrylate).[141-144] They found that simultaneously mixing two oppositely charged 
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polyelectrolytes (e.g. poly-L-lysine and poly-L-glutamic acid) with calcium phosphate could 

result in composites that are more stable and mechanically more robust than those obtained by 

mixing one polyeletrolyte component with the biomineral.[143] Taking this strategy a step 

further, we propose to use a layer-by-layer deposition strategy, illustrated in Figure 10, to create 

BPDA-HA composite with mineral layers sandwiched in-between oppositely charged ordered 

BDPA templates.  

 

4. Concluding remarks  

Polymers with defined chemical functionality, shape and structural features are among 

the most promising and versatile building blocks for biomimetic bone-like materials. Engineered 

via rational design, hydrogels with multiple specialized functions may be quickly assembled via 

water compatible polymerizations to encode diverse features including integrin-mediated cell 

adhesion, environmental and cellular responsive degradations, and intelligent surfaces promoting 

mineral nucleation and crystal growth. Self-assembling polymers serve as excellent template for 

nanostructured composite materials. Their potential in bone tissue engineering is enormous, 

especially if the polymers can be properly integrated with a 3-dimensional scaffold.  

This review focuses on organic matrix directed synthesis of composite scaffolds. It is 

worth noting that there is an alternative, which is to start with a porous inorganic scaffold and 

then infiltrate it with suitable polymers. Rapid prototyping (or solid freeform fabrication) 

processes may be used in the preparation of 3-dimensional inorganic scaffolds with fairly 

sophisticated architectural features.[84] For instance, direct ceramic stereolithography was 

achieved using UV-curable suspensions of HA powders in acrylates in a conventional 

stereolithography apparatus (SLA) machine.[145-147] A target HA structure was first designed 
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using computer assisted design (CAD) software or computer tomography (CT) data. The 

negative image of the design was then used to build an epoxy mold on the SLA. A thermal 

curable suspension of HA powder in acrylate was then cast into the epoxy mold and cured. 

Finally the epoxy mold and the acrylate binder were ablated, and the HA was fully sintered.[145] 

The common laser spot size used in SLA to solidify acrylics and epoxy resins is around 250 µm 

in diameter, resulting from a compromise between the precision demand and the maximum 

speed. Using recently developed small-spot SLA, components can be built up in steps that are 

less than 1 µm thick with a resolution finer than 10 µm. The maximum product size is currently 

limited to 35 mm3.[84]  

Viscosity control for the highly concentrated suspension and cure depth behavior are the 

main challenges for fabricating 3-D porous ceramic patterns using stereolithography 

techniques.[148] In addition, broader applications of this process in tissue engineering also 

depend on the successful development of new photopolymerizable, biocompatible, and 

biodegradable liquid polymer materials.  

Finally, the direct involvement of cells, although not the focus of this review, is essential 

for successful tissue regeneration upon the implantation of a synthetic scaffold. To ensure a 

maximal participation of cells, tissue engineering scaffolds can be made by either seeding cells 

into preformed interconnected porous water-insoluble matrices,[149] or injecting hydrogel 

materials that would gel within the body in response to a triggering mechanism, such as a 

temperature change or light irradiation.[150,151] Recently, a strategy was reported for 

assembling porous scaffolds loaded with cells in situ.[152] In situ gelling strategies has the 

advantage of being able to fill a cavity without knowing the precise dimension of the cavity and 
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the possibility of avoiding an invasive surgery for implantation. It may not be suitable, however, 

for load-bearing applications.  

The bottom-up synthetic approach we showcase here uniquely complements, but could 

not replace, the traditional top-down approach adopted by bone biologists who focus on 

deciphering the secrets of bone synthesis based on native samples. To bridge the gap between 

synthetic bone-like materials and natural bone, the gap between the bottom-up and top-down 

approaches must be closed, starting with the integration of the most updated bone biology into 

the design of functional interfaces. In the case of bone-like composites, both the organic-

inorganic interface and the tissue-material interface must be intelligently designed. This 

continues to be the major challenge of the field. 
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Figures Legends: 

 

Figure 1: Preparation of an environmentally responsive gel by selective conjugate addition. 

A mono-functional peptide containing an integrin-binding RGDSP ligand for cell adhesion was 

reacted with a precursor containing multi-armed end-functionalized PEG macromers. A 

bifunctional peptide was used to crosslink the assembly. The bifunctional peptide determines the 

response of the material in the presence of cell-secreted enzymes, in this case, MMPs. These 

building blocks lead to the formation of elastic gel networks, which degrade to soluble products 

upon exposure to MMPs by cleavage of the crosslinking peptides. Reprinted with permission 

from Ref. 27, M. P. Lutolf et al., Nature Biotechnology  21, 513-518 (2003). Copyright 2003 

Nature. 

 

Figure 2. Mimicking bone biogenesis using a synthetic biomineralization scaffold. 

 

Figure 3. Assembling of a hydrogel scaffold containing multiple functional domains and the 

monomers displaying various anionic or adhesive side chains. Note that the anionic 

monomers differ in both the type of anionic residues and the number of anionic charges carried 

per side chain. 

 

Figure 4. Morphology, crystallinity, and mineral-gel interfacial affinity of calcium 

phosphate apatite layer grown on the surface of pHEMA. (A) SEM showing 2-dimensional 

circular outward growth of calcium apatite from multiple nucleation sites on the acidic surface of 

pHEMA. (B) SEM showing the merge of circular mineral layers and the full coverage of the 
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hydrogel surface with calcium apatite. (C) SEM showing an indent formed on the surface of 

mineralized pHEMA using a Vickers microindenter with a load of 5 N. The calcium phosphate 

layer did not delaminate. (D) SEM-associated EDS area analysis of the mineral layer shown in 

micrograph B, confirming the chemical composition and Ca/P ratio (1.6 ± 0.1) that is typical for 

HA. Synthetic HA was used to calibrate the determination of the Ca/P ratio. (E) X-ray diffraction 

patterns of the pHEMA composite (a) and unmineralized pHEMA gel (b). The lack of diffraction 

peaks corresponding to crystalline HA suggests that an amorphous or nanocrystalline layer was 

formed on the pHEMA surface. In all cases, mineralization was carried out for 2 hrs. Reprinted 

with permission from Ref. 51, J. Song et al., J. Am. Chem. Soc. 125, 1236-1243 (2003). 

Copyright 2003 American Chemical Society. 

 

Figure 5. A urea-mediated mineral growth patterns on pHEMA based copolymers 

displaying various anionic residues. Materials studied were pHEMA with 5% Glu-MA (A), 5% 

Gly-MA (B) and 5% Ser-MA (C). Note that the deliberate fracturing of the composite (B) did 

not lead to delamination of any circular mineral domains, suggesting an excellent gel-mineral 

interfacial adhesion strength.  

 

Figure 6. A cartoon illustration of oriented calcite growth on the surface of a 

polydiacetylene (PDA) thin film driven by cooperative interactions at the polymer-mineral 

interface. The self-assembling lipid was first spread and compressed on the surface of a standard 

trough. UV irradiation of the compressed film resulted in topochemically polymerized blue PDA 

film, which was then horizontally transferred to hydrophobized solid support (not drawn here). 

Template-driven mineralization of calcite was initiated by supersaturated CaCO3 solution placed 
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on the PDA film. The cooperative interactions led to structural reorientation of the polymer 

template, accompanied by a blue-to-red chromatic transition of the PDA film, and co-alignment 

of calcite at the anionic surface, with the (012) plane oriented parallel to the PDA membrane 

plane. 

 

Figure 7. Rational design of a functional self-assembling peptide amphiphile. (A) Chemical 

structure of the peptide amphiphile, highlighting five key structural features. Region 1 is a long 

alkyl tail that conveys hydrophobic character to the molecule and, when combined with the 

peptide region, makes the molecule amphiphilic. Region 2 is composed of four consecutive 

cysteine residues that when oxidized may form disulfide bonds to polymerize the self-assembled 

structure. Region 3 is a flexible linker region of three glycine residues to provide the hydrophilic 

head group flexibility from the more rigid cross-linked region. Region 4 is a single 

phosphorylated serine residue that is designed to interact strongly with calcium ions and help 

direct mineralization of hydroxyapatite. Region 5 displays the cell adhesion ligand RGD. (B) 

Molecular model of the PA showing the overall conical shape of the molecule going from the 

narrow hydrophobic tail to the bulkier peptide region. Color scheme: C, black; H, white; O, red; 

N, blue; P, cyan; S, yellow. (C) Schematic showing the self-assembly of PA molecules into a 

cylindrical micelle. Reprinted with permission from Ref. 26, J. D. Hartgerink et al., Science 294, 

1684-1688 (2001) Copyright 2001 American Association for the Advancement of Science. 

 

Figure 8. A library of bolaamphiphilic diacetylene lipids displaying a wide range of surface 

residues. Diacetylene group, the potential polymerization site, is designed to locate at the center 

of the lipophilic core of each bolaamphiphile. The R- group carried on one end of each lipid is 
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either neutral (1), anionic (2-8) or zwitterionic (9). The anionic groups differ in both the type of 

anionic residues and the number of negative charges they carry. All bolaamphiphiles (1-9) are 

synthesized from a common precursor, NHS-activated lipid 10.  

 

Figure 9. Transmission electron micrographs, contact mode atomic force microscopy 

images and the corresponding unit cell dimensions of Poly-L-Glu-Bis-3 adopting flat (panel 

A) and twisted (panel B) ribbon morphologies. Adapted with permission from Ref. 130, J. 

Song et al., J. Am. Chem. Soc. 123, 3205-3213 (2001). Copyright 2003 American Chemical 

Society. 

 

Figure 10. A polyeletrolyte strategy towards 3-dimensional BPDA-calcium apatite 

composites. 

 

Scheme 1. Urea-Mediated Solution Mineralization of Hydroxyapatite (HA) onto pHEMA 

Hydrogel Scaffolds. Thermo-decomposition of urea produces a gradual increase in pH, resulting 

in the hydrolysis of surface 2-hydroxyethyl esters (A) and the precipitation of HA from the 

aqueous solution. The in situ generated surface carboxylates strongly interact with calcium ions 

(B) and facilitate the heterogeneous nucleation and 2-dimensional growth of a high-affinity 

calcium-phosphate (CP) layer on the pHEMA surface (C). Prolonged mineralization allows for 

the growth of a thicker CP layer that covers the entire hydrogel surface as shown in D. A 

proposed urea-mediated, pH-dependent HA nucleation and growth behavior from the solution in 

qualitatively depicted by the red dotted curve shown in E (curve 1, the solubility of HA, was 

taken from reference 117), guiding the chemical and physical transformation of the pHEMA 
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hydrogel to a highly integrated Gel-CP composite. Reprinted with permission from Ref. 51, J. 

Song et al., J. Am. Chem. Soc. 125, 1236-1243 (2003). Copyright 2003 American Chemical 

Society. 
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